The translation of many tissue engineering/regenerative medicine (TE/RM) therapies that demonstrate promise in vitro are delayed or abandoned due to reduced and inconsistent efficacy when implemented in more complex and clinically relevant preclinical in vivo models. Determining mechanistic reasons for impaired treatment efficacy is challenging after a regenerative therapy is implanted due to technical limitations in longitudinally measuring the progression of key environmental cues in vivo. The ability to acquire realtime measurements of environmental parameters of interest including strain, pressure, pH, temperature, oxygen tension, and specific biomarkers within the regenerative niche in situ would significantly enhance the information available to tissue engineers to monitor and evaluate mechanisms of functional healing or lack thereof. Continued advancements in material and fabrication technologies utilized by microelectromechanical systems (MEMSs) and the unique physical characteristics of passive magnetoelastic sensor platforms have created an opportunity to implant small, flexible, low-power sensors into preclinical in vivo models, and quantitatively measure environmental cues throughout healing. In this perspective article, we discuss the need for longitudinal measurements in TE/RM research, technical progress in MEMS and magnetoelastic approaches to implantable sensors, the potential application of implantable sensors to benefit preclinical TE/RM research, and the future directions of collaborative efforts at the intersection of these two important fields.
Introduction
Tissue engineering and regenerative medicine (TE/RM) comprises a wide range of therapeutic approaches, each with the intent to mimic or augment endogenous biological mechanisms to replace or repair injured tissues and organs [1] .The notion of harnessing innate developmental or regenerative biology to engineer clinical therapies dates back to 1938, and in recent decades has developed into an established commercial industry [2, 3] . Current TE/RM developments can largely be segmented into two approaches which are increasingly implemented in combination: (1) stimulation of intrinsic repair and (2) replacement of the injured tissue [4] . However, with the exception of tissue engineered skin products, the translation of TE/RM approaches into viable therapies for many clinical injuries has remained elusive. In particular, the regeneration of large, vascularized, and multitissue injuries including those as a result of chronic degeneration or trauma represents an urgent clinical need for more effective TE/RM treatment options.
The translation of many TE/RM therapies that demonstrate promise in vitro are delayed or abandoned due to reduced and inconsistent efficacy when implemented in more complex and clinically relevant preclinical in vivo models. Throughout essentially every developmental or healing process, the organization, proliferation, and differentiation of cells follow a highly coordinated spatiotemporal profile that is optimized to produce or restore functional tissue. Likewise, once a regenerative therapy is delivered in vivo, there are dynamic, bidirectional mechanical and biochemical interactions between the implant and the local injury environment which can either promote or dysregulate the healing process. Determining mechanistic reasons for impaired treatment efficacy is challenging after a regenerative therapy is implanted due to technical limitations in longitudinally measuring the progression of key environmental cues in vivo. The ability to acquire real-time measurements of environmental parameters of interest including strain, pressure, force, pH, temperature, and oxygen tension within the regenerative niche in situ would significantly enhance the information available to tissue engineers to monitor and evaluate mechanisms of functional healing or lack thereof. Moreover, correlation of such longitudinal parameters with quantitative measures of functional regeneration would provide a rational approach for the design of improved regenerative strategies.
Continued advancements in material and fabrication technologies utilized by microelectromechanical systems (MEMS) and the unique physical characteristics of passive magnetoelastic sensor platforms have created an opportunity to implant small, flexible, low-power sensors into preclinical in vivo models and quantitatively measure environmental cues throughout healing. In particular, the capabilities of implantable sensors offer three exciting applications to TE/RM research: (1) longitudinal, minimally invasive measurements of environmental parameters throughout endogenous tissue repair to define desirable biomechanical and biochemical design criteria for new regenerative therapies; (2) in vivo monitoring of novel TE/RM therapies to evaluate their ability to mimic desired spatiotemporal healing profiles, and to elucidate potential reasons for successful versus unsuccessful implementations; (3) environmentally tuned TE/RM constructs with integrated sensors that can trigger specific actions (e.g., drug or growth factor depot release) at a certain environmental threshold in a closed-loop fashion.
The Need for Longitudinal Measurements
The dynamic nature of healing has important implications on mechanical and chemical environments that regenerative medicine therapies seek to manipulate. The structure and composition of cells and extracellular matrix (ECM) comprising healing tissue is spatiotemporally heterogeneous. Likewise, the multiscale mechanical properties and internal stress-strain distribution evolve rapidly, particularly in regenerating load-bearing tissues. In addition, the level of vascular infiltration delivering oxygen and nutrients and removing waste is highly transient. As a result, important environmental cues known to regulate cell migration, differentiation, proliferation, apoptosis, factor secretion, and ECM deposition are continuously changing variables. To more explicitly articulate this perspective, we briefly cite large bone defect regeneration throughout the text as a relevant example which is of particular interest to our laboratories.
Bone regeneration is a highly coordinated physiological response that, in most circumstances, can functionally restore skeletal fractures without scar formation. Organized healing requires the rapid formation, morphogenesis, and remodeling of multiple tissue phenotypes over the course of several months. The regenerative process is commonly segmented into four major phases (with associated timelines) of distinct tissue formation: (1) acute inflammation and hematoma (hours and days), (2) soft callus (days and weeks), (3) woven bone (weeks and months), and (4) lamellar bone remodeling (months and years). In particular, these phases are characterized by tissue structures with distinct mechanical properties, metabolic states, and levels of vascular perfusion (Fig. 1) . These three factors are critical indicators of the progression of healing, and importantly, they can be at least partially described by measurable read-outs from common sensor modalities: strain, pH, and oxygen tension, respectively.
During the initial injury, disruption of highly vascularized bone tissue floods the defect gap with blood which rapidly coagulates to form a hematoma. Once the initial influx of blood is consumed, glycolysis is favored over oxidative phosphorylation and the hematoma is characterized by low oxygen tension, high lactate concentration, and acidic pH [5] [6] [7] [8] . Leukocyte recruitment and granulation tissue formation in the initial phase of healing transitions toward fibrinolysis, angiogenesis, and connective tissue migration and condensation during the soft callus phase [9] . During this time, robust angiogenesis takes place to reperfuse the defect with an adequate blood supply, a critical precursor to bone formation. The healing mechanism is dependent on the rate of revascularization and the local reestablishment of physiological oxygen tension and pH. If vascularization occurs relatively quickly, within approximately the first 2-4 weeks (dependent on the defect size and anatomical location), mineralization of the soft callus occurs primarily through direct intramembranous bone formation. If oxygen tension is restored more slowly, due to the size of the defect or external mechanical factors, healing occurs by the way of a hypertrophic cartilage intermediary which is mineralized through endochondral bone formation [10] [11] [12] . Throughout mineralization, the apparent stiffness of the fracture site steadily increases while interfragmentary motion accordingly decreases until the fracture is fully bridged [13] [14] [15] . The initial woven bone tissue is immature and characterized by an unorganized collagen-hydroxyapatite matrix and an abundant, disorganized vessel network. During the remodeling phase, both vascular and skeletal structures are gradually pruned until tissue function is completely restored [16, 17] .
While endogenous bone healing is typically robust, depending on the anatomical site and injury mechanism, it is estimated that up to 10% of fractures do not heal spontaneously and result in nonunion [18] . Comorbidities and circumstances that increase the likelihood of nonunion are extensive and include smoking, diabetes, infection, nutritional deficiency, old age, poly-trauma, mechanical instability, and critically sized segmental bone loss [19] . Risk factors all contribute to dysregulate the temporal progression of the regenerative program, although the ability to detect when and where the dysregulation initiates is a key technical limitation to clinical practice and preclinical research. In cases of chronic fracture nonunion or acute critical bone loss, surgeons are left with strikingly few therapeutic options to stimulate healing, and clinicians primarily must rely on autologous or allogenic bone graft sources, which possess a number of inherent limitations [20, 21] . To develop improved therapies, tissue engineers would benefit from nondestructive measurement platforms that can longitudinally quantify mechanical and chemical parameters within the healing environment to aid in the identification of critical thresholds that are detrimental to healing and to isolate timepoints where dysregulation occurs. Common quantitative, nondestructive preclinical assays are intended to evaluate overall healing (e.g., computed tomography measurements of bone volume and architecture), which are highly dependent on the animal and injury model being investigated. They do not quantify the actual mechanical and biochemical cues regulating injury progression. Since local measurements of environmental signals are typically not measured directly, a meaningfully quantitative description of an ideal versus a challenged healing environment is difficult to generalize across multiple studies.
While longitudinal evaluation platforms improve the ability to evaluate physiological processes in their entirety, they also offer additional benefits by maximizing data acquired from a single study subject which consequently could reduce the number of animals required for an adequately powered study. Numerous innovative nondestructive or minimally invasive experimental techniques have been developed to measure important parameters such as tissue mechanical properties, oxygen tension, and pH in vivo. Such techniques are often image-based and include ultrasound strain imaging, shear wave elastography, and magnetic resonance imaging (MRI) [22] [23] [24] [25] [26] . Nonimage based techniques to measure mechanical strains or properties of structural tissues such as healing bones utilize external fixation hardware which are subjected to estimated physiological loads by a mechanical testing instrument [27] . While still nondestructive, the aforementioned methods are typically limited to snapshot measurements acquired relatively infrequently due to practical limits on the number of occasions animals can be safely anesthetized to perform the measurement. Additionally, imaging methods often rely on expensive equipment and typically must be conducted one specimen at a time. Thus, such techniques are inherently low-throughput and costly for studies utilizing large sample numbers.
Finite element (FE) models and numerical computational fluid dynamics (CFD) simulations based on in vivo imaging or simplified representations of healing tissue structures offer unique insights into the spatial distribution of stress, strain, and oxygen tension within the tissue at the healing site. Additionally, computational models allow for parametric analyses to study the sensitivity of the tissue structure and the relative importance of distinct variables in a tissue-engineered construct (i.e., scaffold modulus, porosity, and initial growth factor concentration). However, the results of such computational models are affected drastically by the initial boundary conditions imposed during the definition of the model. Boundary conditions such as external load magnitudes and oxygen concentration profiles are often based on simplified assumptions lacking experimental validation, which can compromise the accuracy of conclusions obtained by simulations [28, 29] .
Other approaches to overcome limitations in longitudinal in vivo measurement techniques while maintaining some aspects of in vivo complexity include top-down ex vivo models such as explant cultures, as well as bottom-up organ-on-achip in vitro systems [30, 31] . These experimental platforms are especially valuable to precisely study cellular and molecular mechanisms of healing while approximating physiological conditions. However, they cannot fully recapitulate in vivo complexities which ultimately determine the clinical efficacy of TE/RM therapies. Such factors include important interactions between integrated tissues and organs, transport challenges imposed by large injuries that must be re-infiltrated with a functional vasculature, and systemic inflammatory responses, which are especially relevant to traumatic injuries and diseases that result in a chronically dysregulated immune system. To engineer such complex tissues, the desirable spatiotemporal biomechanical and biochemical characteristics of the regenerative niche in vivo must be elucidated. While small animal models are advantageous compared to the aforementioned in vitro approaches for regenerative medicine, the pertinence of preclinical animal studies is limited to the degree that the selected organism (rodent, ruminant, mammal, etc.), strain (breeding and genetic background), and injury or disease model recapitulates the human scenario, since these characteristics all factor in to inform the functional design and evaluation criteria for newly developed therapies. Thus, consideration must be given to important model traits such as size, metabolic rate, sex effects, rate of relevant tissue growth and development throughout lifetime, and comorbidities of interest (e.g., obesity and diabetes). Given these important limitations, there remains a distinct need for in vivo technical platforms that permit detailed longitudinal analyses of environmental cues known to regulate the healing response and characterize its progression in robust preclinical models.
Thanks to continued technological advances, novel implantable sensor techniques are a promising approach to facilitate in vivo measurements for numerous injuries and diseases of interest. Besides those mentioned earlier, a number of sensor modalities could provide valuable insight into healing processes including pressure for intraocular and intracranial pathologies, pH and temperature for infections, glucose for diabetes, and even specific relevant biomarkers for inflammation, matrix production, or vascularization. Implanted as well as externally mounted probes and sensors have been implemented in the past, but have typically been limited to large animals due to the size constraints imposed by cheaper and higher-throughput preclinical rodent and mouse models [13, 15, [32] [33] [34] . However, miniaturization coupled with novel passive and active sensor designs have now progressed to the point that sensing platforms can be readily fabricated at feasible size scales for small animal model applications. Once deployed, microfabricated sensors can wirelessly transmit quantitative measurements in real-time, eliminating the need to anesthetize the animal or disrupt normal activity. Thus, the frequency and duration of data acquisition is primarily limited by the power consumption of the sensor and wireless telemetry relative to the capacity of the power source (implanted battery, if active circuity is utilized). The data acquired from implanted sensors quantify the temporal profile of the parameter of interest, but there are limitations to the scale and resolution that spatially heterogeneous environmental factors can be measured due to the size of the probe since a locally positioned sensor or even a sensor array can only provide a discrete number of spatial measurement(s). To better describe spatial variations throughout a tissue, sensor measurements could also be applied as a validated time-varying boundary condition at their respective position(s) for image-based computational models of healing tissues, better capturing the dynamics of the in vivo response. In Secs. 3-5, we discuss technical progress in MEMS and non-MEMS approaches to implantable sensors, the potential application of implantable sensors to benefit TE/RM research, and the future directions of efforts at the intersection of these two important fields.
Technical Advancements in Implantable MEMS
MEMS technology grew from complementary metal-oxidesemiconductor (CMOS) transistor fabrication technologies that were developed for the integrated circuit (IC) industry. Traditionally, MEMS encompasses a suite of fabrication technologies that can produce devices possessing characteristic lengths at the micron scale; even if the overall device is larger, key enabling features are often at this scale, much as an IC chip can be large compared to the size of an individual transistor. MEMS typically can have structural and/or transduction functionality. Further, since the roots of MEMS are in the IC industry, MEMS can be colocated with circuits and power sources to create complex electromechanical systems at small scales.
The correspondence of the size scales of MEMS and the size scales of many biological systems make MEMS technology an attractive option for biological implants that can transduce physical parameters to quantitative external read-outs thereby guiding scientific investigation as well as clinical treatment. As this new application area develops, the use of materials outside the traditional IC industry in MEMS fabrication has become more widespread [35] [36] [37] . The emerging next generation of implantable MEMS systems encompasses self-powering capability, increased intelligence, and biodegradable devices for biomedicine [38] [39] [40] [41] .
As discussed above, in the early days of implantable MEMS, material selection and fabrication approaches were substantially derived from the CMOS industry, resulting in uniformity and reproducibility in manufacturing processes [40] . Biomedical devices fabricated from traditional microelectronics materials, such as silicon and ceramics, have been extensively used with devices ranging from bench top testing to animal deployment to approved clinical use [39] [40] [41] [42] . The prevalent medical device markets utilizing MEMS technologies are cardiovascular monitoring and pacing [43] [44] [45] , and neuromodulation electrodes [46] [47] [48] . A critical difference between consumer electronics and implantable devices is the environment in which the device must operate; the device must interface with the external physiological environment while maintaining stability and functionality (i.e., without its performance being altered or degraded). Hermetically sealed micromachined silicon and silicon/ceramic packages [40, 49] as well as polymer encapsulation [36, 40] have been used to achieve these goals. Interconnection techniques such as flip chip bonding, wirebonding, and conductive epoxy, which have been employed in the semiconductor packaging and assembly industries, are also used for the manufacturing of implantable devices. Communication with the implantable device is typically achieved by inductive coupling. The design strategies, fabrication techniques, and materials implemented in implantable MEMS are the same as those commonly used in traditional CMOS microfabrication technologies [37, 40, 50] .
The traditional CMOS-inspired implantable MEMS, however, feature many limitations for medical applications. Since implantable devices have to interface with the local physiological environment in order to function, and since the body is a dynamic system responding to this foreign device, achieving the requisite sensitivity, specificity, accuracy, and stability is often countered by host inflammatory or fibrous encapsulation response to chronic implants [37, 51] . Extensive research has focused on improving implant biocompatibility, through physical and chemical modifications to tissue-device interfaces with the goal of prolonging device lifetime [36] [37] [38] [39] [40] 48, [52] [53] [54] . The mechanisms governing device biocompatibility depend not only on many details, such as material processing, device geometry, surface treatment, and material impurities, but also on the physiological location and duration of use. In recent years, technological advances in material science have driven the efforts toward overcoming these challenges. Materials aimed at reducing tissue damage inflicted by the device at the implant site, better emulating the material properties of the host tissue, and improving biocompatibility have been investigated. These include flexible and polymeric materials, [53] .
Flexible implantable MEMS devices are very attractive for medical applications, as their less rigid nature may reduce local damage and thereby improve the host foreign body response. Flexible devices that can be bent, stretched, or twisted to adapt to the local tissue geometry can minimize irritation and improve conformal contact with the physiological environment [55] . The availability of low-cost manufacturing and rapid prototyping methods with plastic materials has also contributed to the development of flexible devices. The use of flexible polymeric materials, such as parylene and polyimide, for clinical applications continues to increase steadily due to their biocompatibility and ease of processing with traditional microfabrication technologies [36] . In 2001, a polyimide-based multichannel intracortical electrode array was manufactured with standard, planar, photolithographic, and CMOS-compatible techniques. Polyimide served as the mechanically flexible substrate that was manipulated into unique three-dimensional designs. The array was electrically interfaced with an integrated polyimide cable to provide efficient contact points for a high density of channels [56] . Another example is a wireless, passive, radio frequency pressure sensor for long-range continuous intraocular pressure monitoring for glaucoma patients. The sensor featured parylene-C (poly-chloro-pxylene) as the encapsulant and sensing membrane. The flexible coil substrate can be folded into a smaller form factor to enable minimally invasive implantation (e.g., catheter-based deployment) and, subsequently, can naturally unfold to its original state without damage. Long-term and short-term device testing in a six-month in vivo model and acute ex vivo model, respectively, verified the feasibility and efficacy of the sensor, including robust fixation and long-term biocompatibility in the intraocular environment [57] .
Biodegradable devices are sensors and actuators that break down after a targeted functional lifetime into nontoxic components that may either be resorbed or expelled by the body. This distinguishing feature may overcome the complications associated with permanent implants for applications that are transient in nature, such as bone healing. Further, the resorbable nature eliminates the need for secondary surgery to extract the implant. A typical example is the passive wireless pressure sensor demonstrated by Luo et al. [58, 59] . The pressure sensor comprises flexible plates bearing inductor windings to form a resonant electrical circuit with the capacitor and to magnetically couple with an external loop. Zinc/iron bilayers were used as the sensor conductor material, and biodegradable polymers poly-L-lactide (PLLA) and polycaprolactone (PCL) were used as dielectric and structural materials. The fabricated sensor demonstrated a linear frequency response with external applied pressure. The functional lifetime of the sensors was approximately 4 days, and can be tailored by the choice of polymer encapsulation and area ratio of the bilayer galvanic couple.
Previously reported biodegradable MEMS sensors (i.e., as described above) are mostly passive, with no need for an internal power source or circuitry, and by necessity limited in functionality [60] . It is therefore useful to consider the incorporation of active elements to achieve a full electrical system. The power consumption of an active device, however, demands the exploration of biodegradable batteries as viable energy sources [61] [62] [63] . Tsang et al. [64] presented a magnesium/iron battery featuring PCL as the packaging and functional material. Compared with medical-grade nondegradable lithium-ion batteries at similar size scales, the PCL-coated Mg/Fe batteries showed superior performance of up to six times higher in energy density and 1-2 orders of magnitude reduction in volume. More recently, a biodegradable battery featuring a solid electrolyte of sodium chloride and PCL was demonstrated by the same group [63] . This approach harnesses the body fluid that diffuses into the cell as an element of the electrolyte, and the large excess of ionic material suspended in the PCL holds intracellular conditions constant to achieve a constant discharge profile in the presence of varying external aqueous conditions.
In order to achieve a full electrical system, active devices and packaging for device-level integration must be addressed. Toward these ends, Zhang et al. [65] presented the development of conductive polymer-based biodegradable electrical interconnects comprising Fe microparticles and PCL as the conductor and insulating matrix, respectively. The electrical resistivity and the mechanical and electrochemical properties of the interconnects were investigated during physiological degradation. Tensile and adhesion tests were also performed to confirm the interconnect viability. This work demonstrates fully biodegradable MEMS components which are critical to ultimately achieve a physiologically integrated MEMS system possessing multiple sensing modalities. Further material advances have supported dually biodegradable and flexible electronics. A variety of structures in the form of meshes, webs, and high-aspect-ratio nanopillars have been developed to form an active, functional layer to facilitate reliable and conformal interfacing. A representative example can be found in the work by Kim et al. [66] , which presented an ultrathin electronic system featuring bioresorbable silk fibroin as the supporting substrate. Specialized mesh designs and ultrathin forms for the electronics ensured minimal stresses on the tissue and highly conformal coverage, even for complex curvilinear surfaces, as confirmed by experimental and theoretical studies. Future iterations of biodegradable sensors must also consider the specific physiological compartment they will occupy and the tissues they will have direct contact with, as highly vascularized tissues will result in much faster device breakdown compared to less vascular tissues like cartilage, significantly altering the functional lifespan of the sensor.
The work in biomimetic devices encompassing biological materials remains relatively unexplored, and presents many new and exciting possibilities. The direct use of biological materials, such as proteins, cells, and tissues, to attain native mechanical and chemical properties might reduce tissue inflammation and local damage; these technologies would open a broad spectrum of opportunities in regenerative medicine, such as minimally obstructive deep brain implants, artificial organs, hybrid sensing devices, and tools to promote tissue integration. An example presented by Shen et al. [67] is the extracellular matrix-based implantable neural electrodes. Microfabrication strategies were developed for the micropatterning and processing of collagen and implemented to develop extracellular matrix-based intracortical electrodes. The design rendered the implants sufficiently rigid for penetration into the target brain region. The device subsequently softened from hydration after insertion so that the mechanical properties of the electrode better matched that of brain tissue than traditional silicon-based intracortical recording devices and, thereby, reduced inflammation and device-induced mechanical strain in the tissue.
Magnetoelastic Materials as Passive Implantable Sensors
As discussed in Sec. 3, passive (battery and circuitry-free) sensors [68] [69] [70] [71] are well suited for monitoring in vivo conditions in certain medical implants [72] [73] [74] since they do not require an internal power source and are generally more robust and reliable due to their simple design [72, 74] . A particularly intriguing example of passive sensors not necessarily fabricated utilizing MEMS techniques are those based on magnetoelastic materials [75] , which are a class of magnetic materials that can efficiently convert magnetic to mechanical energies and vice versa. A common type of magnetoelastic sensor, typically made of a strip or wire of magnetoelastic material, undergoes mechanical resonance when energized with an AC magnetic field at its resonant frequency (kHz-MHz). Since the sensor's resonant frequency changes with applied stress, this type of sensor, known as a magnetoelastic resonance sensor [68] , is commonly used to measure small mass loading or pressure which may be ideal in preclinical small animal and tissue engineering applications [72] . Due to the dampening of the sensor's resonance at high mechanical loading, a different sensor design based on magnetic induction is commonly employed when the expected applied mass loading is approaching the mass of the sensor. For this design, the sensor is usually adhered or deposited to the substrate, and then exposed to a low frequency magnetic AC field (tens to hundreds of Hz) to become magnetized. The magnetized sensor in turn generates a secondary magnetic field that is sensitive to applied mechanical loads. This type of sensor has been applied to monitor force loading at bone fixation plates [73] or medical sutures [74] .
Essentially, magnetoelastic sensors are strain or pressure sensors that can wirelessly gather physical information in real-time, making them ideal for use in musculoskeletal TE/RM where the mechanical environment is a critical regulator of healing outcomes. These sensors are best suited for peri-or postoperative monitoring of orthopedic repairs where implants are already utilized. Due to the simple design of these sensors (typically simple strips or wires [68] ), they can be incorporated into the existing orthopedic implants without significantly affecting the implants' functionality. Furthermore, magnetoelastic sensors are not limited to monitoring mechanical deformation. For example, magnetoelastic resonance sensors have been used to investigate and monitor cell adhesion on an implant [76] , allowing the study of postoperative orthopedic regeneration behavior such as integration between bone/tissue and the implant. In addition, by incorporating chemically responsive surface materials which alter the resonant frequency of the magnetoelastic construct, a biochemical sensor can be developed to monitor concentrations of certain bioactive molecules (e.g., glucose [68] ) at surgical sites.
Magnetoelastic materials can also be deployed as implantable actuators [77, 78] . By incorporating a high-strain magnetoelastic material such as Terfenol-D to orthopedic implants, it is possible to produce a mechanically active, externally controlled fixation device for bone fracture repair. Furthermore, it is also found that small mechanical perturbations, such as those generated by the magnetoelastic resonance sensor [77] , can affect cell behavior. Thus, the incorporation of a magnetoelastic vibration layer near the outer surface of an orthopedic implant can mechanically stimulate the healing environment by means of a remotely activated external magnetic field.
A challenge for magnetoelastic materials is the lack of understanding of their biocompatibility when integrated into an implantable device. Investigations on passivating the material with coatings such as parylene-C have been promising [79] , but a naturally biocompatible magnetoelastic material is desirable. Recent work has shown that the iron-gallium magnetoelastic alloy is noncytotoxic, although its long-term biocompatibility has yet to be validated [75] .
Geometry and material components of magnetoelastic sensors and actuators can be tailored to quantify and produce both large and small mechanical perturbations. The passive, electronic-free nature and simple design of magnetoelastic materials offer distinct advantages over complex technologies to monitor certain regenerative environments, with particular promise for orthopedic applications. With continuing development, it is expected that this class of sensor/actuator technology will be instrumental in facilitating real-time monitoring and precision control of the mechanical environment for a variety of TE/RM applications.
Implantable Sensors Applications in TE/RM
A large body of research has been demonstrated on various biomedical applications of sensors, but most efforts have focused on clinical monitoring rather than TE/RM or preclinical applications [80, 81] . Implantable sensors differ significantly in their designs and fabrication techniques, but the endpoint sensing modalities include biopotential [82] , electrical impedance [83] , pressure [84, 85] , flow [86, 87] , strain [88] , oxygen [89] , pH [83] , and glucose [90, 91] .
Clinical diagnostics have greatly benefited from implantable sensors, as it enables in situ monitoring of physiological metrics to track the progression of or recovery from a disease. Sensing mechanisms for implantable MEMS sensors include mechanical [84] , optical [85] , magnetic [92] , and electrochemical detection methods [89] , as well as combinations thereof, which underscore the appeal of MEMS technology; implantable MEMS can transduce a physiological input into an electrical output, oftentimes requiring only a small sample or stimulus. In spite of the formidable challenges of avoiding adverse tissue response to implants, the goal of in vivo sensing has largely been achieved for a subset of clinical applications. Pressure sensors are a wonderful example of such, as they have been extensively demonstrated for arterial [93] [94] [95] , intraocular [96] , and intracranial [97, 98] pressure monitoring. Pressure sensors have further been presented to indirectly detect aneurysms [99] and restenosis [100] , as well as to identify optimal settings for pacemakers [45] . Flow and glucose sensors have been investigated for diagnosing cardiovascular diseases [87] and continuous glucose monitoring [101] , respectively. Due to continued advancements in clinical sensing, we see an exciting opportunity to leverage and adapt implantable sensors to enhance the preclinical development and evaluation of novel TE/RM therapies for a number of relevant diseases.
Oftentimes, multiple conditions or cues, such as physical, chemical, and biological, are relevant in evaluating how tissue engineered constructs perform in vivo. MEMS offers notable advantages over alternative types of implantable systems for tissue engineering and regenerative medicine due to the spectrum of supported sensing modalities, compactness of size, and amenability to integration [102] [103] [104] . For example, the role the local environment in bone healing could be more deeply understood by longitudinal monitoring of strain, oxygen tension, and pH within the defect. This could be enabled by the development of a multimodal sensor system designed for a preclinical animal model. Strain sensors have previously been deployed to evaluate mechanical strains on internal and external fixation instrumentation in humans and sheep, which show promise for clinical monitoring [13] [14] [15] 105] ; however, implementations have primarily been limited to long bones of the leg where there is a substantial hardware footprint for sensor integration. The role of local oxygen tension is of particular interest to fracture healing. In 1972, Brighton and Krebs measured oxygen tension in a rabbit fibular fracture using platinum microelectrodes which were not implanted but inserted at each time point [6] . They noted marked differences and temporal trends of the oxygen tension in the hematoma, woven bone, and intact diaphyseal bone. Epari et al. revisited this approach with new technology in 2008, utilizing a percutaneously mounted, commercial multimodal catheter probing the fracture gap to simultaneously measure pressure, oxygen tension, and temperature in a sheep tibial defect over a 10 day period [106] . While larger canine and ovine models are preferable to assess human-scale orthopedic and spine implants due to improved biomechanical similarity, small animal models possess important relative cost and throughput advantages, which makes them better suited for investigating newer and less-established therapeutic strategies for a wide range of diseases. Miniaturization of sensors and telemetry sufficient for small animal models, which are the primary test-bed for novel tissue engineering therapies, has not been demonstrated. Continued efforts toward preclinical sensors for bone healing and a host of other relevant injury and disease models would substantially inform a more quantitative understanding of the healing environment encountered in vivo, and also help to elucidate mechanistic reasons when different healing outcomes are observed between preclinical models. A rendering of one approach to implement an implantable oxygen tension or strain sensor platform in a rodent femoral bone defect model is illustrated and described in Fig. 2 .
Reactive oxygen species and inflammation (nitric oxide and pH) can also be monitored by electrochemical or optical sensors [107] . All sensors mentioned above can be integrated into one intelligent system for data collection and transmission. The use of multiple detection mechanisms, such as electrochemical and optical, can minimize crosstalk between different types of sensors or validation and calibration for sensors of the same modality. This illustrates that certain attributes of MEMS, in this case their ability to detect and transduce various mechanical and chemical cues mediating bone healing into electrical signals, can be leveraged and applied toward a broad spectrum of tissue engineering and regenerative medicine applications. The microscale nature of MEMS devices can be designed to meet the physical constraints of preclinical animal models, which are oftentimes rodents or other small animals, to enable in situ, real-time sensing of physiological cues continuously within an animal and, thus, overcome the limitations of ex vivo endpoint measurements. Alternatively, the trend toward more biomimetic and physiologically inspired devices supports their integration with TE/RM constructs to enable local evaluation of the therapeutic efficacy of TE/RM constructs in preclinical and clinical settings.
It is critical that sensors disturb the natural healing environment as little as possible to ensure that valid measurements are acquired. To ensure that novel implantable devices do not prompt fibrous encapsulation or actively irritate the tissue to a degree that alters the course of healing, the host response should be rigorously validated by histological evaluations against "sensor-free" controls for increased fibrous tissue growth and for localization of pro-inflammatory immune cells within the tissue of interest at the conclusion of the study. Additionally, sensors should be characterized under controlled ex vivo conditions before and after implantation to ensure their sensitivity or functionality does not drift over time due to interactions with the surrounding tissue. Migration of the sensor within the tissue is another factor that could potentially compromise the validity of the resultant data. Thus, TE/RM applications where a structural implant is used (e.g., orthopedic fixation hardware, vascular stent, and tissue scaffold) are advantageous since they can act as a foundation to anchor the sensor in the healing environment (as in Fig. 2) . Including specific attachment features in the device design such as loops to accommodate sutures may be required. Additionally, longitudinal radiography could serve as a valuable tool to track implant migration throughout a study. To mitigate the risk of implant-induced infection, preclinical sensors must also be able to endure sterilization processes. While autoclaving is preferred and compatible with some conventional sensor materials and designs, novel sensors housing delicate chemical species or dissolvable materials may have to rely on more delicate sterilization approaches such as ethylene oxide or gamma irradiation and test their efficacy. In such cases, consultation of GMP or ISO standards may serve as a helpful guide.
In the design of an implantable system that facilitates tissue regeneration, a pivotal factor is the interplay between the targeted tissue and the implant. The integration of implantable sensors with TE/RM technologies can support this endeavor by providing a closed loop system for customizing regenerative therapies. A common example is the incorporation of a sensor into a drug delivery system so that the timing and rate of drug delivery can be tuned by changes in certain local physiological conditions. The integration of sensing components into responsive polymeric systems for controlled drug release has been the subject of extensive research [108] . Reports in the literature include systems triggered by the application of ultrasound [109] , changes in pH [110, 111] , temperature [112] , analyte concentrations [113, 114] , and electric [115] or magnetic [116] fields. The delivered molecules are diverse, including low molecular weight drugs, nucleic acids, peptides, and proteins, for the accelerated regeneration of tissues [52, 54] .
As the fields of TE/RM and implantable sensors continue to grow, emerging technologies should consider the union of these two areas for smart, multifunctional regenerative therapies and preclinical tools for better understanding and modulating the complex biological world.
Conclusions and Future Directions
While significant strides have been made in the field of implantable sensors, key challenges and opportunities remain in developing implantable devices for continuous, in vivo monitoring. Whereas the early incarnations of implantable sensors were technology-driven devices, enabled by traditional CMOS-based materials and microfabrication technologies, recent developments in implantable MEMS highlight a trend toward more applicationdriven device design. Figure 3 illustrates this progression in implantable sensors, where direct offshoots of traditional CMOS technology included silicon microelectrode arrays for neuromodulation and ceramic-based pressure sensors for cardiac monitoring that are commercially available. In fact, most sensing modalities have corresponding commercial or near-commercial devices featuring traditional CMOS materials and processing. The implementation of sensors in TE/RM applications will significantly benefit from the advances in implantable sensors research. These can be grossly categorized into a bottom-up versus a top-down change in the sensor design. Specifically, recent developments in flexible, biodegradable, and biomimetic sensors were mainly designed from a bottom-up, materials-level approach. Whether the goal was to minimize the deleterious response to the device, to overcome the negative effects of permanent implants or to better Fig. 2 Rendering of one approach which could be implemented to implant sensors in a rodent femoral defect model to measure oxygen tension and/or strain during bone regeneration. Animal injury models utilizing structural implants are particularly advantageous for implantable devices because they provide a stable foundation to anchor the sensor. Depending on the size constraints of the anatomical space under investigation, transceiver and circuitry components could be packaged within a single device or subcutaneous wires could be routed to a remote transceiver pack mounted either intraperitoneally or subcutaneously. Created using images from Servier Medical Art, CC-BY 3.0.
emulate the physiological tissue, the underlying motivation in these cases was to develop more physiologically compatible devices. The critical advancements to achieve this goal were primarily the introduction of new materials, as well as the development of corresponding fabrication technologies for the micropatterning and integration of these materials with standard MEMS processing. This application-driven approach has been a stark departure from early iterations of implantable sensors, which were largely technology driven. Further support of this application-driven endeavor is the emphasis on multisensing or multifunctional devices to detect multiple cues and/or dually sense and actuate, thereby providing both monitoring and treatment. These efforts toward smart therapies and preclinical tools can be classified as top-down, systems integration approaches.
Lastly, the road to next-generation regenerative therapies and preclinical tools must tailor device design toward physiological constraints. This final thrust would ensure that the device addresses the real, physiological challenges and constraints of the design space. These include physical size and footprint, dynamic range, biostability, and pertinent testing. While most implantable strain sensors were designed to satisfy the physical constraints of a human body, sensors used for the preclinical models face more stringent size constraints because preclinical animal models are often conducted in rodents or small animals. Second, the dynamic range of a sensing parameter may either be very large or unknown. To the sensor engineer, a working range is necessary for device design. However, this information may be unknown and, hence, motivate the need for the device. For example, the mechanical stiffness of bone may change across orders of magnitude throughout the time course of bone regeneration and remodeling. For a segmental bone defect model, where the fracture gap in a rodent femur is 5-8 mm, the transition from an empty gap to a mineralized bone would span a large range in mechanical stiffness. Consequently, a strain sensor monitoring the deformation across a fixation plate must vary strains across orders of magnitude due to the extent of load sharing between the bone defect and the plate. Together with the desired strain resolution when operating at the lower spectrum of the dynamic range, these constraints point toward the challenges of design for preclinical in vivo models. While preclinical applications of implantable sensors have been the primary focus of this article, it is critical to acknowledge that investigators may ultimately seek to translate their devices to the clinic. For such cases, consultation of United States Food and Drug Administration regulatory pathways should be considered from the outset of device development. Further, whether for clinical or preclinical applications, the next-generation sensors for TE/ RM must directly address biostability and functionality by moving beyond benchtop to in vivo testing as the endpoint for device characterization. A majority of the established literature in implantable sensors does not pursue in vivo device characterization even though the variability associated with a full animal system and host inflammatory response are just as important as the device specifications for designing an implantable system. The development of smart, regenerative therapies and better investigatory tools for understanding tissue regeneration presents an exciting future for implantable sensors. The recognition of a need for more physiologically motivated technology, whether pursued from a bottom-up materials or top-down systems approach, has been a major step toward these goals. However, to realize these technologies for preclinical and clinical uses, more integrative and collaborative efforts must be established between biology and engineering in order to design not only for a specific sensing modality, but also to design specifically for an in vivo system. the Cell and Tissue Engineering NIH Biotechnology Training Grant (T32-GM008433).
